Current cardiac interventions are performed under 2D fluoroscopy, which comes along with well-known burdens to patients and physicians, such as x-ray exposure and the use of contrast agent. Furthermore, the navigation on complex structures such as the coronaries is complicated by the use of 2D images in which the catheter position is only visible while the contrast agent is introduced. In this work, a new method is presented, which circumvents these drawbacks and enables the cardiac interventional navigation on motioncompensated 3D static roadmaps. For this, the catheter position is continuously reconstructed within a previously acquired 3D roadmap of the coronaries. The motion compensation makes use of an affine motion model for compensating the respiratory motion and compensates the motion due to cardiac contraction by gating the catheter position. In this process, only those positions which have been acquired during the rest phase of the heart are used for the reconstruction. The method necessitates the measurement of the catheter position, which is done by using a magnetic tracking system. Nevertheless, other techniques, such as image-based catheter tracking, can be applied. This motion compensation has been tested on a dynamic heart phantom. The evaluation shows that the algorithm can reconstruct the catheter position on the 3D static roadmap precisely with a residual motion of 1.0 mm and less.
Introduction
In this paper a new method for motion compensation in the cardiovascular context is presented which allows for the interventional navigation of catheters or catheter-like devices 3 within the coronaries on 3D static roadmaps.
In common cardiac interventions, e.g. during a percutaneous transluminal coronary angioplasty (PTCA), catheters are advanced into the coronary tree or any other vessel structure under examination for diagnostic purposes or a treatment of the patient. For the tracking of these devices, i.e. the determination of their position within the vessels, 2D x-ray systems are still the method of choice, utilizing the natural grey-value contrast or additional markers attached to the devices (see Baim and Grossman (2000) for a detailed explanation of up-to-date cardiac catheterization procedures). The vessel structures are made visible for a short period of time by introducing the contrast agent through the catheter. As a result, both the patient and the physician, who has to perform many interventional procedures over a rather long period of time, are exposed to the x-ray radiation, whereas the patient is even more imperilled due to the contrast agent. Dash and Leaman (1984) and Miller and Castronovo (1985) showed in their studies that in common cardiac interventions there is a significant amount of x-ray dose physicians are faced with, although attempts have been made which aim at a more dose saving fluoroscopy, e.g. by Dorph et al (1970) . Despite further progress in reducing the necessary x-ray dose (cf Holmes et al 1990 , Abdel-Malek et al 1994 , physicians especially are still endangered by an increase in harmful radiation, which is due to the fact that interventional procedures have become a respected therapeutic alternative in more and more applications, leading to an increasing number of performed interventions.
In addition to the unsolved radiation problem, the 2D visualization of the catheter within the region or artery of interest using x-ray C-arm systems is unsatisfactory. The arteries can only be made visible by introducing the contrast agent, which subjects the patient to additional risks. Beyond this, the visualization procedure introduces well-known effects such as foreshortening and overlap, complicating navigation within those regions of the vessels that are difficult to access or exhibit a complex structure.
Being aware of these drawbacks, researchers try to accomplish the step from 2D imagebased navigation to 3D navigation on static roadmaps. In their approach, Baert et al (2003) track the current catheter position using biplane fluoroscopic images and reconstruct the catheter within a previously acquired image of a 3D rotational angiography. This still neither addresses the problem of radiation exposure nor integrates any motion compensation in order to allow navigation within moving organs. Solomon et al (2003) replaced the imagebased tracking with a non-line-of-sight tracking approach equipping the catheter with an electromagnetic trackable sensor. This catheter was then advanced into the heart of a domestic swine and the catheter position was registered to a previously acquired 3D CT image. Due to uncompensated cardiac contraction and respiration, the accuracy was in the range of several millimetres. Nevertheless, the results obtained were found to be helpful during the navigation, diagnosis and treatment process, although no motion compensation was performed.
The new algorithm presented in this paper is designed to improve the first concepts of 3D interventional navigation and to enable the use of these ideas in cardiac applications, such as percutaneous transluminal coronary angioplasty (PTCA). Although in this paper magnetic tracking systems (MTSs) are the tracking modality of choice due to their advantage of avoiding radiation, the algorithm is not limited to this. Therefore it is suited to enhance almost any kind of 3D interventional navigation technique, as long as the catheter position, the ECG signal and the respiratory phase can be determined. In these cases, the accuracy of the cardiac navigation process will increase with respect to non-motion-compensated navigation. The increased accuracy supports the physician with valuable information about the current position and orientation of the catheter. This in turn enables visualization of the current catheter position within the acquired 3D image and the roadmap, helps placing stents and simplifies the whole navigation process.
For these applications the spatial accuracy should be in accordance with the dimensions of typical coronaries, which range from 1 to 4 mm in diameter, cf Dodge et al (1992) . Given this accuracy, the current catheter position can be assigned reliably to the vessel in which the catheter is advanced. The temporal resolution, i.e. the updating rate of the reconstructed catheter position, is limited by the MTS and is approximately 40 Hz.
The remainder of this paper is organized as follows. In section 2 the experimental setup is introduced and the algorithm performing the compensation of the motion due to cardiac contraction and respiration is presented. The actual compensation is a two-step process. Firstly, the respiratory motion component is compensated, using an affine motion model. Secondly, the residual motion due to cardiac contraction is compensated by gating the catheter position using the ECG signal. Only those values which are acquired during the rest period of the cardiac cycle will be used to reconstruct the current catheter position within the static roadmap. The evaluation of this approach is part of section 3. Finally, in section 4 we discuss the present work and provide an outlook to further developments.
Materials and methods

The pneumatic heart phantom and the experimental setup
The algorithms for the interventional navigation on motion-compensated 3D roadmaps were developed and evaluated using the experimental setup shown in figure 1. The most relevant components are the pneumatic heart phantom (HP), the appropriate control unit (HP control CPU), the magnetic tracking system (MTS) and the actual application, being run on the main computer (main CPU), see figure 1. The used MTS is an NDI Aurora system (see the company website www.ndigital.com for a detailed description). The size of the 5D sensors of the MTS is 0.9 × 8 mm 2 and the working volume is 50 × 50 × 50 cm 3 . The measurement rate using two sensors is 40 Hz, thus after 25 ms a new measurement for each sensor is present. The accuracy of the position measurements depends on the radial distance of the sensor from the field generator. In the present setup this distance ranges from 200 to 300 mm corresponding to an accuracy of 0.7 mm. The determined reproducibility of the measurements is 50 µm. This value was obtained by repeatedly measuring the position of a set of sampling points located on a grid within the working volume of the MTS. The magnetic sensor was moved towards these sampling points using a robot whose accuracy was in the order of 1 to 2 µm. Unfortunately, the accuracy of the MTS will become worse, if ferrous materials are present near the working volume of the field transmitter. However, first implementations such as those of Sheehan et al (2003) can compensate for static influences, e.g. from patient tables. Further improvements concerning this issue might be accomplished by calibrating the field distortions using the MTS in combination with an optical tracking system. Using both systems the distortions can be determined and used to compensate for static ferrous material influences. Nevertheless, the compensation for dynamic influences is still an issue to be solved in future work.
The pneumatic heart phantom is capable of performing motion trajectories which simulate the impact of the motion due to cardiac contraction and respiration on the human heart. The heart phantom control unit controls the motion of the heart phantom, simulates the artificial ECG signal and provides it to the main computer. This signal can be considered as the normalized output of a QRS detection algorithm. The magnetic tracking system (MTS) measures the position and the orientation of the catheter. An additional sensor serves as a respiratory sensor. All data are collected in the main computer, which runs the application and visualizes the data.
The duration of the respiratory cycle and the heart rate can be adjusted. The artificial coronaries of the heart phantom are embedded into an elastic pot, which is compressed and twisted by the motion due to cardiac contraction and rotated due to the respiration. The diameter of the coronaries ranges from 2 to 3 mm. These values are in accordance with the mean vessel diameters of the human heart, see Dodge et al (1992) . The motion is controlled by the heart phantom control unit, which also provides an artificial ECG signal for the main computer. The shape of this artificial ECG signal is depicted in the upper left of figure 1. The ECG signal starts at cardiac phase 0 which corresponds to the beginning of the contraction of the heart with an ECG value of 0 and ends up at cardiac phase 2π with an ECG value of 1. Due to the fact that each artificial ECG value corresponds to exactly one cardiac phase, this ECG signal can also be referred to as the normalized ECG signal. In a realistic scenario by incorporating real ECG data, such a normalized ECG signal can be determined using a QRS detection algorithm. Some algorithms are capable of detecting the characteristic QRS complex even in very noisy ECG signals or in ECG signals with a variable shape of the QRS complex. The normalized ECG signal would then start with a value of 0 at the detected R wave and increase linearly to a value of 1 with a slope which has to be determined from the previous cycle durations. A good survey of existing QRS detection algorithms can be found in Koehler et al (2002) .
The MTS measures the current catheter position and orientation and the orientation of an additional respiratory sensor attached to the rotating front panel of the heart phantom, see figure 2. Unlike respiratory impacts onto the human heart motion, which have shown hysteretic effects between inhalation and exhalation (cf Nehrke et al 2001) , the heart phantom is not capable of performing hysteretic trajectories. This simplification halves the actual unique Location and output signal of the magnetic respiratory sensor attached to the front panel of the heart phantom. The respiratory phase domain starts at phase 0 corresponding to the fully exhaled phase, passes phase π corresponding to the fully inhaled phase and ends at phase 2π , which again corresponds to the fully exhaled phase. Shape of the artificial coronaries of the heart phantom, which are integrated within an elastic pot that is deformed by the simulated cardiac contraction and rotated due to the simulated respiration. The numbered bullets define those locations where the presented algorithm has been evaluated.
phase domain and enables the use of only one affine model for exhalation and inhalation. Nevertheless, our approach can easily be extended to cope with hysteretic effects. In that case exhalation and inhalation are detected by analysing the slope of the respiratory signal. This information can be used to adjust the motion model to hysteretic trajectories or to use different models for exhalation and inhalation. The measured position of the catheter tip was reconstructed within a previously acquired static roadmap which was represented by a triangulated mesh, see figure 3. The roadmap was generated from a sequence of 200 images, which were acquired during the exhaled respiratory phase using a standard image intensifier equipped vascular C-arm x-ray system (Integris Allura, Philips Medical Systems, Best, The Netherlands). The 3D image was reconstructed using the approach of Grass et al (1999) . The segmentation of the coronaries was accomplished by an interactive region expansion according to Lorenz et al (2002) . Finally, the segmented image was triangulated using the approach presented by Lorenz and Krahnstoever (2000) . The registration of the measured catheter position to the determined roadmap was landmarkbased. In this case eight small copper bullets placed on the surface of the pot of the artificial coronaries were used as landmarks. The positions of the landmarks were determined within the 3D image as well as using the MTS. Using both measurements, the affine transformation which maps the coordinates from the voxel-based image coordinate system to the coordinate system of the MTS can be determined. In a realistic scenario, such markers can be attached to the skin at different parts of the body, e.g. the chest, which are visible in the 3D image and easily accessible using a sensor of the MTS. The accuracy of such a registration is in the range of approximately 1-5 mm, cf Solomon et al (2000) .
Compensating for motion due to respiration using an affine motion model
The overall motion compensation process starts with the compensation of the respiratory motion. Using a model for respiratory motion compensation is a common approach in MR image acquisition. Once determined, the motion model has to be driven by a parameter which indicates the current state of the motion. Such a parameter can be the location of the edge of the diaphragm which moves along with respiration. In MR image acquisition this location can be determined by a continuous acquisition of a small region of the moving diaphragm with a 1D pencil beam. This beam is commonly referred to as navigator echo. However, before being able to drive an affine model, a correlation between the actual driver and the resulting effect on the organ has to be identified. An early observation was that the movements of the heart and those of the diaphragm are similar, which seems to be obvious due to the anatomical neighbourhood. An important milestone to model this relation was presented by Wang et al (1995) , who modelled the motion due to respiration as a global translation of the heart. Later on, Manke et al (2002) examined different motion models and concluded that a 3D affine model represents the motion of the heart due to respiration more accurately. In our experimental setup, the respiratory motion was simulated by a rotation of the artificial coronaries of about 0.1π . As opposed to MR imaging, no navigators can be used during an intervention, either due to the lack of an appropriate imaging modality or to avoid unwanted exposure to x-ray radiation. Therefore, a different sensor had to be found, which was able to drive an affine motion model. In the present setup, a magnetic tracker placed on the front panel of the heart phantom was used to replace the navigator technique, see figure 2. The matrix R of the affine transformation representing the rotation and the vector t representing the translation were derived using n sampling points. The transformation maps the coordinates of the catheter tip from the inhaled respiratory phase to the exhaled respiratory reference phase in which the roadmap was acquired. The sampling points were measured at different locations of that part of the heart phantom which moved due to the simulated respiration. Having measured the location of the n points x 
The minimization was done using the approach presented by Arun et al (1987) according to which the matrices can be determined using singular value decomposition (SVD). In this work, n = 6 sampling points were used to determine R and t. After the determination of the affine transformation, this transformation had to be parametrized in order to determine the correct transformation for each respiratory phase. In other words, having parametrized the transformation dependent on a respiratory sensor signal, the catheter position can be mapped onto the roadmap acquired during exhalation for arbitrary respiratory phases, sensor signals and amplitudes. In this setup, the parametrized model is driven by a magnetic sensor attached to the front panel of the heart phantom. For the parametrization the angles around the x-, the y-and the z-axes, which represent the rotation of the matrix, were derived as follows:
where a i,j denotes the element of the matrix R, which is placed in the ith row and the j th column. These equations do not hold generally but have to be adjusted depending on the actual configuration of R. A detailed explanation of this factorization is given in Schneider and Eberly (2003) . Due to the fact that the coronaries of the heart phantom were rotated only around the y-axis, α x,max and α z,max were both 0, whereas α y,max was the maximum rotation, i.e. 0.1π . In this range, the arcsin function is unique, so that no further adjustments had to be considered. Having calculated R, t and α y,max the affine transformation was parametrized
where α y is the angle, determined by the respiratory sensor. This parametrized transformation does also hold for angles α y which are slightly smaller than 0 or larger than the determined angle α y,max which allows for the compensation of respiratory motion even if the current respiratory motion exceeds the amplitude used to derive the affine model. As mentioned before, the actual motion of the artificial coronaries due to respiration was given by a rotation around the y-axis. However, the method is capable of dealing with arbitrary affine transformations. The determination of such an affine model of the respiratory motion and its utilization for motion compensation in MR imaging have already been presented by Manke et al (2002) . In future work, this approach including the derivation of an affine model of in vivo respiratory motion will be transferred and adapted to roadmap-based interventional navigation.
Compensating for motion due to cardiac contraction
The method for compensating motion due to cardiac contraction is based upon the observation that the cardiac contraction does not last for the whole cardiac cycle. In other words, a rest phase exists in which the heart moves only slightly. If one rejects the incoming data of the catheter position during the contraction, the position of the catheter tip seems to be frozen. As the cardiac cycle enters its rest phase, the reconstruction of the catheter is continued which may lead to a jump in the visualization of the catheter position at the transition from the rest phase to the contraction phase. The overall process leads to a motion-compensated reconstruction giving physicians a good impression of where they are navigating. . The cardiac cycle was subdivided into a contraction phase and a rest phase. Accordingly, the normalized ECG signal s ECG is subdivided into a space a , where the measured catheter positions are accepted and processed and a space¯ a , where the measurements are rejected. Wang et al (1999) and Achenbach et al (2000) state that the rest duration lasts for approximately 100 to 350 ms in mid diastole to end diastole. However, the duration and location within the cardiac cycle, depicted in figure 4, have been shown to be strongly dependent on the patient and heart rate. Hence, both parameters have to be determined in an initial calibration step during the intervention to determine the phases in which measured catheter positions are to be rejected and the phases in which they shall be used for updating the reconstruction. For this calibration step, the cardiac cycle, represented by the normalized ECG signal, was subdivided into a certain number of phases, e.g. 100 phases. The task is to identify the phases in which the heart rests and those in which the heart contracts. First, a reference phase had to be determined in which the roadmap had been acquired. Usually this reference phase is within the rest period of the heart. Taking into account that the heart and therefore the catheter move only slightly during the rest period, an arbitrary phase within the rest phase can be defined as the reference phase if the exact phase in which the image has been acquired is unknown. Secondly, the actual motion of the coronaries was measured using the magnetic sensor within the catheter tip and the magnetic tracking system, while no catheter feed was allowed. The catheter position was determined for each of the cardiac phases. Using these data and knowing the determined reference phase in which the roadmap has been acquired, those phases can be identified in which the catheter position leaves the position of the reference phase. Finally, all phases in which the catheter position is closer to the catheter position in the reference phase than a defined threshold were referred to as rest phases while all other phases were referred to as contraction phases. After this calibration step, those phases were identified in which the heart contracts and consequently the position of the catheter tip had to be frozen by rejecting all incoming measurements.
Results
In this section, the evaluation of the algorithm is presented. Throughout the subsequent measurements, the heart rate was set to 70 bpm and the respiratory cycle duration was set to 6 s. The contraction fraction of the cardiac cycle was 65%, corresponding to a 557 ms lasting contraction duration. The resulting rest duration was therefore approximately 300 ms. The motion characteristics are summarized in table 1. The first task was the evaluation of the reproducibility of the motion trajectory of the heart phantom. The catheter was placed at the sampling points in figure 3, while the phantom was simulating either cardiac contraction or respiration. The position x cath (φ cc/rp,i ) of the catheter was measured and assigned to a defined cardiac phase φ cc,i , resp. respiratory phase φ rp,i . For this, the cardiac cycle was subdivided into i = 200 phases and the respiratory cycle into i = 400 phases, respectively. Considering the maximum displacements of the heart phantom and hence the displacements of the catheter, cf table 1, this arrangement ensures a spatial resolution of less than 0.1 mm. The standard deviation for each cardiac phase i, containing n cc,i measurements (resp. each respiratory phase i, containing n rp,i measurements) was determined according to
The overall standard deviation for each trajectory was then determined as the average of the standard deviations of all phases. The result can be seen in table 2. The motion simulating the respiration showed a higher reproducibility, which was due to its simple mechanical rotation compared to the complex deformation of the motion due to cardiac contraction, which compresses and twists the elastic pot. Another possible explanation is the lack of a fixed correlation between the ECG signal and the actual mechanical deformation. Both processes, i.e. the beginning of each ECG cycle and the corresponding mechanical action, were synchronized. However, at the end of each cycle the correspondence might slightly diverge. Nevertheless, the standard deviations were small enough to allow for an analysis of the present algorithms.
Before the actual motion compensation was evaluated, the accuracy of the affine motion model had been analysed. First, the catheter position was measured at the six sampling points, cf figure 3, in the fully exhaled and the fully inhaled phases, leading to a set of i ∈ [0, . . . , n − 1] points x ex i and x in i . Secondly, the points determined in the fully inhaled phase were mapped to the exhaled phase using the previously acquired rotation matrix R and the translation vector t according to equation (1). This led to a mapped set of pointsx ex i . The error made by the affine model was calculated by determining the mean Euclidean distance between the set of points x ex i andx ex i . The resulting value for this error was 0.85 mm. The error can be explained by the limited reproducibility of the respiratory motion and the fact that the affine motion model was determined by a measurement, using only six corresponding points. After this, the same mapping was done using the parametrized affine model which will be used for the actual respiratory motion compensation, cf equations (3) and (4). The error increased to 0.93 mm which is due to the parametrization. Although the main motion due to respiration is a rotation around the y-axis, some minor rotations around the x-and the z-axes are neglected, leading to a slightly larger error.
In the next step the algorithm for motion compensation was analysed. First, the static behaviour of the motion compensation was examined. In this case, the term 'static' means that the catheter is not fed, but fixed at a certain location within the moving coronaries. This evaluation was carried out, placing the catheter at the six locations defined in figure 3 , and determining the quality of the algorithm represented by the residual motion. This is defined as the standard deviation σ static,i of the position i of the fixed catheter after motion compensation:
where i specifies one of the six sampling points and k ∈ {0, . . . , n − 1} is the index of the n = 2400 measured catheter positions x cath,i,k for each sampling point. The result of the measurement can be seen in table 3, where the particular standard deviation is given with and without motion compensation. It can be seen that the total residual motion was less than 1 mm and was mainly caused by the residual respiratory motion, which exists due to inaccuracies in determining the affine motion model, as was shown previously. Nevertheless, if one compares the uncompensated motion, which is approximately 11 mm, to the compensated motion, which is about 0.9 mm, the value of our approach becomes evident. Having examined the residual motion while the catheter was fixed within the moving coronaries, the catheter was then advanced through the coronary and its deviation from the centreline of the coronary was evaluated. The centreline was determined using the following procedure. The catheter was fed through the coronary from point 1 to point 3 (cf figure 3) and its position was measured while the phantom was not moving. The total length of the passed catheter distance was 15 cm. Due to the fact that the diameter of the coronaries, which ranges between 2 mm and 3 mm, was larger than the diameter of the catheter, which was Mean 0.98mm Figure 5 . Distance of the motion-compensated catheter tip from the centreline of the coronary against the passed distance during catheter feed, while (a) only motion due to cardiac contraction, (b) only motion due to respiration and (c) motion due to cardiac contraction and respiration was simulated. approximately 1.6 mm, deviations in the range of 0.5 mm in each direction were possible. The actual evaluation of the algorithm was subdivided into three separate measurements. First, the phantom simulated only motion due to cardiac contraction. The deviation of the motion-compensated catheter trajectory from the static centreline can be seen in figure 5(a) , where also the corresponding ECG signal is plotted, which was used for the gating. The mean deviation was 0.39 mm. The same measurement has been carried out allowing only respiratory motion, see figure 5(b) for the corresponding results. The respiratory signal plotted there was used to drive the parametrized motion model, see equations (3) and (4). The mean deviation of the trajectory was 0.98 mm. Finally, both motion components have been enabled simultaneously, see figure 5(c), leading to a mean deviation of 0.91 mm, which is in the same order of magnitude as it was during the static measurement.
Discussion and conclusion
An algorithm has been presented which compensates a measured catheter position for motion due to cardiac contraction and respiration and hence allows for the interventional navigation on 3D static roadmaps. The algorithm has been tested using a demonstrator whose key components are the pneumatic heart phantom including its control unit, which simulates the ECG signal and steers the valves of the phantom, and the magnetic tracking system, which measures the catheter position. The main advantage of this method is that x-ray radiation and the use of contrast agent can in principle be avoided during the intervention. Furthermore, the actual navigation process is 3D roadmap-based instead of 2D image-based, increasing the accuracy and efficiency of the navigation process, especially in those regions of the vessels which are difficult to access or exhibit a complex structure. The motion compensation has been shown to be very accurate, reconstructing the moving catheter position precisely and continuously within the 3D static roadmap. Without the use of any motion compensation, the coronary under examination, especially the location of the catheter within this coronary, can hardly be identified. However, using the presented motion compensation, the residual motion decreases significantly to less than the diameter of the artificial coronaries. Therefore, the algorithm meets the requirements concerning the accuracy proposed in the introduction of this paper.
Despite the promising results of the motion compensation one has to keep in mind that these results have been obtained in an experimental setup and not in a clinical environment. The experimental setup is capable of simulating the cardiac motion due to the heartbeat and respiration and also of incorporating extra-systoles. However, clinical studies have now to examine to what extent a changing heart rate affects the temporal location of the rest phase within the cardiac cycle defined by the ECG signal which is crucial for the gating. In addition it has to be shown how accurate respiratory motion with variable breathing rates can be modelled using a parametrized affine transformation. Due to the fact that cardiac gating as well as respiratory motion compensation are already used in image acquisition, it can be assumed that these techniques can also be used for motion compensation in roadmap-based interventions. In addition, effects of magnetic distortions caused by ferrous materials will increase in a clinical environment. Compensating for these effects in order to get precise measurements is an emerging field in research and first approaches have already been published. This gives hope that magnetic tracking systems can find their way into clinical praxis and introduce new opportunities in interventional navigation processes.
Further work is necessary for transferring the experiments made using our experimental setup to a realistic scenario and first in vivo experiments. Beforehand, the new method has to be examined retrospectively using canned in vivo data. The main challenges in the field of motion compensation are to set up a respiratory affine motion model of the human heart and to identify an appropriate respiratory sensor in order to drive the model and to add a QRS detection. The remaining components and procedures of the demonstrator, such as the acquisition and processing of the roadmap and the acquisition of the catheter position, can be used almost unchanged.
